The aortic valve exhibits complex three-dimensional (3D) anatomy and heterogeneity essential for the long-term efficient biomechanical function. These are, however, challenging to mimic in de novo engineered living tissue valve strategies. We present a novel simultaneous 3D printing/photocrosslinking technique for rapidly engineering complex, heterogeneous aortic valve scaffolds. Native anatomic and axisymmetric aortic valve geometries (root wall and tri-leaflets) with 12-22 mm inner diameters (ID) were 3D printed with poly-ethylene glycol-diacrylate (PEG-DA) hydrogels (700 or 8000 MW) supplemented with alginate. 3D printing geometric accuracy was quantified and compared using Micro-CT. Porcine aortic valve interstitial cells (PAVIC) seeded scaffolds were cultured for up to 21 days. Results showed that blended PEG-DA scaffolds could achieve over tenfold range in elastic modulus (5.3 ± 0.9 to 74.6 ± 1.5 kPa). 3D printing times for valve conduits with mechanically contrasting hydrogels were optimized to 14 to 45 min, increasing linearly with conduit diameter. Larger printed valves had greater shape fidelity (93.3 ± 2.6, 85.1 ± 2.0 and 73.3 ± 5.2% for 22, 17 and 12 mm ID porcine valves; 89.1 ± 4.0, 84.1 ± 5.6 and 66.6 ± 5.2% for simplified valves). PAVIC seeded scaffolds maintained near 100% viability over 21 days. These results demonstrate that 3D hydrogel printing with controlled photocrosslinking can rapidly fabricate anatomical heterogeneous valve conduits that support cell engraftment.
Introduction
Aortic valve disease (AVD) is a serious and increasing clinical burden that affects patients at all stages and walks of life. In particular, congenital heart valve defects, which affect 1-2% of all live births in the United States, predispose the valve to premature failure and can be fatal if left untreated (Hoffman and Kaplan 2002) . AVD is most commonly treated with surgical replacement of the defective valve. Tissue engineering has the potential to address current limitations of nonliving prosthetics and donor supply shortage of allografts by providing living tissues that can grow, remodel and integrate with the patient (Butcher et al 2011) .
A major criterion for a tissue-engineered heart valve is that the engineered valve must mimic the physiological function of the native valve. Several studies highlight that the natural geometry of the root, cusps and sinus wall is critical for enabling efficient hemodynamics and coronary flow (Bellhouse et al 1968 , Vesely 2000 . Geometry is also important for tissue durability, where the intrinsic asymmetry of the root prevents cusp deterioration by minimizing the transvalvular pressure and stress on the cusps (Dagum et al 1999) . In addition to geometry, spatial and mechanical heterogeneity is also critical for function. During the majority of their in vivo strain range (<20%), valve leaflets are very extensible and compliant, which permits rapid and efficient opening (modulus ∼54 kPa aortic leaflet radial direction and the pulmonary leaflets are less stiff (Mavrilas and Missirlis 1991, Christie and Barratt-Boyes 1995) ). The sinus root wall however is significantly more rigid (aortic root modulus ∼140-180 kPa and pulmonary root modulus ∼50-85 kPa (Matthews et al 2010 , Butcher et al 2011 , Azadani et al 2012 ), which helps maintain an open lumen under demanding hemodynamic loads (Sacks et al 2009) . Tissue engineers have fabricated mechanically heterogeneous tissues, but specific benchmarks for valve engineering are unmet. An improved tissue engineering fabrication strategy should (1) effectively replicate native valve geometry and (2) effectively replicate regional mechanical heterogeneity.
Traditional de novo valve scaffold engineering involves manually shaping valve root and leaflet geometries out of the polymer scaffold and seeding them with cells. A number of synthetic (poly-glycolic acid, polylactic acid, poly-4-hydroxybutyrate, polyhydroxyalkanoate) (Sodian et al 2000 , Sutherland et al 2005 , Balguid et al 2009 , Gottlieb et al 2010 , Ramaswamy et al 2010 , Sales et al 2010 , Schmidt et al 2010 , Sodian et al 2010 , Eckert et al 2011 , van Geemen et al 2012 and biological polymeric (collagen I, fibrin) (Neidert and Tranquillo 2006 , Robinson et al 2007 , Flanagan et al 2009 scaffolds have been created, mechanically conditioned in vitro and tested in animal models. In the longest such trial to date (8 months within a growing sheep model), engineered valves (leaflet + conduit) are still functional but mildly stenotic, suggesting that the leaflets lacked sufficient compliance (Sutherland et al 2005) . While the exact cause is unknown, forming the root and leaflets with the same scaffold material mesh may have created root walls that are too compliant and/or cusps that are too stiff, both of which are characteristics of valve pathology (Butcher et al 2008) . Incorporation of heterogeneity into tissue-engineered valves with different root versus leaflet materials has been achieved, but this required the different parts to be fabricated sequentially and then joined with sutures manually (Shinoka et al 1996 , Sodian et al 1999 .
Automated manufacturing technology has the potential to fabricate tissue-engineered scaffolds more rapidly with higher anatomical precision. Stereolithographic 3D printing and extrusion-based 3D printing both have been used to fabricate scaffolds on the scale of heart valves. Schaefermeier et al used stereolithography to fabricate a silicone aortic valve replica based on x-ray computed tomography (CT) scans and then used the replica to mold a PGA valve scaffold (Sodian et al 2002 , Schaefermeier et al 2009 . Extrusion-based 3D printing has been employed to engineer hard tissue scaffolds such as knee menisci and intervertebral discs complete with encapsulated cells (Cohen et al 2006 , Ballyns et al 2010 . This process can rapidly recreate 3D computer-aided design (CAD) models by slicing them into layers and building the layers upward using deposition tools that can extrude a wide range of materials. Adapting 3D printing technology to fabricate soft tissue heart valve scaffolds, however, requires overcoming the additional challenges of (1) adapting highly extensible elastomeric cell-friendly materials for 3D printing, and (2) printing complex soft tissues with overhanging structures and both internal and external geometric features.
Hydrogels can be designed to mimic mechanical and biological properties of soft tissue, and can be controlled for direct 3D printing. By modifying polymer precursors, hydrogels can have tunable mechanics, provide attachment and signals to cells, have custom degradability and be modified to allow for photocrosslinking and chemical crosslinking (Benton et al 2009a , Huebsch et al 2010 , Kloxin et al 2010 , Pedron et al 2010 , Chandler et al 2011 , Hutson et al 2011 . The technology exists to rapidly 3D print clinically sized, geometrically complex constructs with hydrogels (Arcaute et al 2006 , Ballyns et al 2010 , Fedorovich et al 2012 , but it has not been utilized for engineering heart valves. 3D printing clinically sized tissues (>10 mm) with high anatomical precision has been primarily demonstrated for hard tissues such as bone and cartilage (Hollister 2005 , Ballyns et al 2010 , Cipitria et al 2012 . Clinically sized soft tissues are a small minority of the 3D printing literature, dominated by vascular conduits and networks that do not exhibit external geometric complexity or non-self-supporting geometries (Skardal et al 2010 , Xu et al 2012 . Micro-scale 3D printed tissues have been fabricated with very fine precision using hydrogels, but have been limited to tissues ∼5 mm tall or less (Liu and Bhatia 2002 , Chan et al 2010 , Gauvin et al 2012 . This leads us to investigate the utility of extrusion-based 3D hydrogel printing for enabling rapid soft tissue hydrogel fabrication at clinically necessary sizes (>10 mm) with high spatial precision.
In this study, we implemented an on-board photocrosslinking system to enable simultaneous 3D extrusion printing and curing of hydrogels in complex aortic valve geometries. We additionally compare 3D printed geometry accuracy for native and axisymmetric valve anatomy using micro-CT. Cell viability and spreading of PAVIC cultured on 3D printed scaffolds were assessed over 21 days.
Materials and methods

Base hydrogel formulation
Poly(ethylene glycol)-diacrylate (PEG-DA) was used as the base polymer precursor for this study. Many tissue-engineering applications have used PEG-DA as a scaffold component because it is a biocompatible, photocrosslinkable elastomer whose mechanical properties can be easily modified (Peyton et al 2006, Guo and Chu 2007) . 700 and 8000 MW PEG-DA precursors were chosen for this study because their differences in molecular weight have been shown by others to correlate with hydrogel stiffness (Hahn et al 2007 , Huebsch et al 2010 , Browning et al 2011 , Hutson et al 2011 . PEG-DA undergoes slow hydrolytic degradation in vivo, and it can also be functionalized and combined with other precursors to encourage cell attachment (Peyton et al 2006 , Hutson et al 2011 , Browning and Cosgriff-Hernandez 2012 . Several studies employing stereolithography printing have demonstrated that photopolymerizing layered hydrogels using ultraviolet (UV) irradiation can yield 3D structures (Dhariwala et al 2004 , Arcaute et al 2006 , Chan et al 2010 . These features support the use of PEG-DA as a base polymer precursor for 3D printing of valve scaffolds.
The base hydrogel solution used in this study consisted of phosphate buffered saline (PBS), photoinitiator and PEG-DA. Photoinitiator (Irgacure 2959; Ciba Specialty Chemicals, Tarrytown, NJ) was first dissolved in PBS at 60
• C. After cooling the solution to room temperature, 700 MW (Sigma Aldrich, St. Louis, MO) and/or 8000 MW PEG-DA (synthesized by the authors (Guo and Chu 2005) ) were dissolved into the solution.
Mechanical testing of base hydrogel blends
We examined the degree of biomechanical tunability in PEG-DA hydrogels by performing uniaxial ring tensile tests (Seliktar et al 2000 (Seliktar et al , 2001 . Hydrogel precursor solutions were prepared by dissolving 0.1-0.2% w/v photoinitiator and 0-20:0-10% 700:8000 MW PEG-DA in PBS, where amount of photoinitiator was directly proportional to increasing PEG-DA concentration (to maintain 1% w/w precursor to polymer). For the extremes, 10% w/v 8000 MW and 20% w/v 700 MW PEG-DA hydrogels were optimal for handling (room temperature solubility and resulting robust gels). Precursor solutions were crosslinked at 365 nm UV light at 245 mW cm −2 inside 4-well plates for 10 min (EN280L lamp; Spectroline, Westbury, NY). Rings were created from crosslinked hydrogel cylinders with an 8 mm biopsy punch and then secured in a vertical orientation between two hook fixtures within a PBS bath on the testing platform (EnduraTec 3200; Bose Electroforce, Eden Prairie, MN). Samples were loaded quasi-statically at 0.02 mm s −1 until failure (strain rate is 0.005 s
−1
).
3D printing system and hydrogel modification
Detailed specifications and mechanics of the opensource Fab@Home TM Model 1 extrusion-based 3D printing (robocasting) can be found at www.fabathome.org and in our previous studies (Cohen et al 2006, Malone and Lipson 2007) . For this study, the printing platform was modified to carry three syringes. In addition, we built a UV-LED crosslinking module, in which four LEDs were arranged in a 2 × 2 formation and mounted directly on the syringe carriage (crosslinking energy at the printing surface was 16.5 mW/cm 2 /LED, (Nichia America Corporation, Wixom, MI) ( figure 1(a) ). For sterile printing, an autoclavable bag attached with a UV transparent film with access ports for the nozzles was autoclaved. The bag was then mounted below the syringe carriage inside a laminar hood, and the precursor solutions were printed through the access ports while the UV-LED crosslinked the printed solutions through the film.
Unmodified soluble alginate (LF10/60, FMC BioPolymer, Drammen, Norway) was mixed into PEG-DA precursor formulations to temporarily increase viscosity during the printing extrusion process. While 2% w/v alginate mixed in PBS is sufficiently viscous to be extrudable (Cohen et al 2006) , pilot studies found that PEG-DA dramatically increased the solubility of alginate. We found that adding 10-15% w/v alginate to a PEG-DA solution achieves suitable extrusion viscosity. In addition, PEG-DA extrusion was sensitive to the salt concentration of the buffer in a MW-dependent manner. Precursor solutions made with 1 × PBS and only 700 MW PEG-DA could not be printed due to phase separation, but this was overcome by changing the salt concentration (13.7 mM NaCl) but maintaining normal pH.
Measuring crosslinking time of hydrogels
The crosslinking times required for the printed precursor solutions need to match each other in order to fabricate heterogeneous hydrogel layers. Therefore, we investigated how crosslinking time was controlled by molecular weight PEG-DA and varying photoinitiator concentration. The hydrogel precursor solution containing 10-15% w/v alginate and 0.2-2.0% w/v Irgacure was first injected into 4-8 mm diameter, 1 mm thick disc molds made with either 700 MW or 8000 MW PEG-DA. The solutions were then exposed to 365 nm UV light from the crosslinking module. Minimum crosslinking time was defined as the point when the hydrogel gel transitioned from liquid to solid. This was the point where the hydrogel disc did not flow after the mold was removed, did not flow in response to gentle compression with a spatula, and held its shape upon being transferred into PBS (did not dissolve).
Valve geometry design
Two aortic valve models were created for printing. The first model, an axisymmetric aortic valve geometry including the sinus and leaflets (kind gift of Dr Reetu Sing), was generated in SolidWorks (Waltham, MA) as shown in figure 1(b). For the second model, a porcine aortic valve conduit obtained fresh at slaughter (Shirk Meats, Himrod, NY) was fixed in formalin (figure 1(c)) and scanned with the leaflets in a partially open position via micro-CT at 100 μm voxel size, 80 keV, 30 mA, 800 angles, 30 ms exposure time, 30 gain, and 20 offset (eXplore CT120; GE Healthcare, UK). The root and leaflet regions in the resulting DICOM scans were segmented via intensity thresholds (figure 1(d)) and rendered into 3D geometries in stereolithography format of standard tessellated language (STL) files (Mimics 12.0; Materialise, Leuven, Belgium) (figure 1(e)). A separate temporary scaffold to support the ostia lumens was generated by Boolean subtraction.
Heterogeneous valve printing
Based on the mechanical testing crosslinking test results (figure 2), we established a biomechanically stiff PEG-DA formulation (20%:0% 700:8000 MW) to comprise the aortic root wall and a compliant and extensible hydrogel for the leaflets formulation (5%:7.5% 700:8000 MW). Using these ratios, stiff hydrogel (13.7 mM NaCl, 1% w/v photoinitiator, 20:0% PEG-DA, 12.5% w/v alginate) and compliant hydrogel Figure 1 . 3D printer setup and valve geometry modeling. (a) Syringe tools were loaded with different hydrogels, and UV-LED array integrated into the deposition tools crosslinked hydrogels during printing. Sterile scaffolds were generated by printing inside an autoclaved bag that was mounted on the printer stage inside a laminar hood. (b) Axisymmetric valve STL file with the root and leaflet in the closed position was designed in Solidworks. (c) A fixed porcine aortic valve underwent micro-CT scan, and (d) the leaflet and root regions were thresholded based on tissue density. (e) The thresholded regions were reconstructed into printable STL geometries, ( f ) and the printing software sliced the geometries into layers and generated extrusion paths for each layer (red: contour, green: fill-in paths). Scale bar = 1 cm.
(PBS, 1% w/v photoinitiator, 5:7.5% w/v PEG-DA, 15.0% w/v alginate) precursor solutions were prepared. 1% photoinitiator concentration was chosen since it enabled both hydrogel formulations to crosslink rapidly in about 30-60 s, which was comparable to the print time of each layer. Precursor solutions were loaded into the deposition syringes fitted with 0.83 mm ID nozzles. After importing the STL geometries, the software generated print paths at 0.6-0.7 mm path height and 0.8-0.9 mm path width (figure 1( f )) for all geometries. The aortic root was printed with the stiff hydrogel, while the leaflet was printed with the compliant PEG-DA hydrogel at 0.6 and 0.4 mL min −1 and the traversing rate of 6 and 3 mm s −1 , respectively. The UV crosslinking array attached on the carriage crosslinked the printed hydrogel paths as they were extruded at 16.5 mW cm −2 during fabrication (figure 2(e)). To print the support geometry for the overhanging ostia and leaflets, a third syringe was loaded with a nonphotocrosslinking alginate-gelatin solution. The temporary support structure printed with this formulation was able to support itself without crosslinking due to the high viscosity of the solution, but was easily removed by rinsing in aqueous buffer. To assess size-dependent accuracy and scalability, valve scaffolds were printed at 100, 50 and 18% of the original model volume.
Shape fidelity evaluation of aortic valve scaffolds
Shape fidelity was assessed quantitatively using micro-CT. Valve conduits were printed using 20% w/v 700 MW PEG-DA hydrogel (13.7 mM NaCl, 1% w/v photoinitiator, 12.5% w/v alginate). Conduits were scanned directly after printing via micro-CT. To test how swelling affects geometry, they were also hydrated in PBS overnight and scanned. Resulting scans were then reconstructed into STL geometries using MicroView (GE Healthcare). Surface deviations between printed and native STL models were quantified through autoregistration and heat maps in Geomagics Qualify (v9.0; Research Triangle, NC) (Ballyns et al 2010) . We chose ± 10% in diameter as the tolerance threshold for valve fabrication since greater than 10% diameter mismatch in non-living prosthetic valves has been shown to impair hemodynamic function (Pibarot and Dumesnil 2006) .
Assessing the internal geometric fidelity was impossible with surface heat maps. Therefore, slice-by-slice comparison of each printed layer was also performed. Micro-CT generated virtual slices of the printed scaffolds were compared to the corresponding image-derived layers of the original valve STL files in the XY-plane ( figure 2(d) ). The two slices were overlapped and compared using Boolean operations. For a given slice, regions printed outside the target print area were designated overprint error, and regions that were not printed within the target area were designated underprint error.
Cell viability and spreading
Porcine aortic valve interstitial cells (PAVIC) were employed as model cell source to investigate valve scaffold biocompatibility because VIC are the main cell type that populates valve leaflets (Butcher et al 2008) . PAVIC were isolated via collagenase digestion as previously described (Butcher et al 2004) and cultured with Dulbecco's Modified Eagle's Medium (DMEM; Invitrogen, Carlsbad, CA) supplemented with 10% fetal bovine serum (FBS; Invitrogen) and 1% penicillin/streptomycin (PS; Invitrogen). Cells were used at passage 5-8.
Sterile 12 mm diameter aortic valve conduits were printed with 700 MW PEG-DA hydrogel. Conduits were rinsed in PBS overnight to leach out the non-crosslinking alginate. They were then transferred to a 50 mL conical vial containing 20 × 10 6 PAVIC in 40 mL of culture media. After 24 h of rotary seeding at 37 • C, 5% CO 2 (day 1), valve conduits were cultured in flasks for 7 and 21 days. Media were exchanged every 48 h. Conduits were then stained with 4 mM calcein-AM and 2 mM ethidium homodimer (LIVE-DEAD, Invitrogen) for 30 min at 37
• C and then rinsed with PBS. Conduits were cut with a razor blade and imaged using an epiflourescence stereomicroscope (SteREO Discovery.V20; Zeiss, Germany).
Since PEG-DA is virtually non-adhesive and nonadsorptive in its unmodified form (Hutson et al 2011) , we tested whether collagen fibrillized within the PEG-DA hydrogels could provide enhanced cell activity. Collagen I was extracted from rat tail tendons (Pel-Freez Biologicals, Rogers, AR) and dissolved in sterile 0.1% acetic acid for 24 h prior to hydrogel preparation as previously described (Bowles et al 2010) . Low concentrations of collagen (0.1 or 0.5 mg mL −1 ) were mixed in 3 × DMEM containing 10% FBS, and 0.1M NaOH was added to neutralize pH. This solution and PEG-DA hydrogel precursor solutions were kept on ice until they were combined. The combined solution was photocrosslinked in disc molds and then incubated at 37
• C for 30 min to allow the collagen monomers to fibrillize. An ultrastructure of completely crosslinked PEG-DA hydrogels with and without collagen and/or alginate leaching prior to seeding was analyzed via scanning electron microscopy (SEM). Fully hydrated hydrogels were flash frozen, lyophilized mounted on aluminum SEM stubs and imaged (Leo 1550 FESEM Cornell Center for Materials Research, Ithaca, NY) (Benton et al 2009b) . Image J was used to analyze mean pore area for each representative image. Hydrogel discs were then rinsed and surface-seeded with 0.5 × 10 6 PAVIC mL −1
. Cell circularity (index of cell spreading) was quantified using ImageJ.
Statistical analysis
Mechanical testing was conducted with n = 3 rings per formulation. Crosslinking tests were conducted with n 5 discs per condition. Fidelity and viability assessment was performed with n = 3-4 printed valve scaffolds. Measurements were indicated as mean and standard deviation unless noted otherwise. Statistical comparisons were made using oneway ANOVA followed by Tukey modified t-tests. P < 0.05 denoted significance. For SEM pore area analysis statistical comparisons were made using two-way ANOVA with Tukey post-test, p < 0.05. Two-way factors are gel MW and treatment (unrinsed, rinsed, collagen).
Results
Mechanical properties of hydrogels
Mixing 700 and 8000 MW PEG-DA resulted in elastomeric hydrogels with a broad range of mechanical properties. In general, hydrogels became stiffer and less extensible as the proportion of 700 MW PEG-DA increased (figures 2(a), (b)). 0:10% w/v (700:8000 MW) hydrogels exhibited very extensible, nearly linear elastic behavior with modulus of 5.3 ± 0.9 kPa through a strain of 1.6 ± 0.1. 20:0% w/v hydrogels, on the other hand, exhibited nonlinear tensile stress-strain behavior, with an approximately 13-fold greater modulus at 74.6 ± 1.5 kPa through a strain of 0.50 ± 0.15. Intermediate ratios between these extremes created stressstrain responses between the individual polymer extremes ( figure 2(a) ). As examples, 5:7.5% w/v hydrogels exhibited modulus of 12.7 ± 1.6 kPa though a strain of 2.0 ± 0.5, and 15:2.5% w/v hydrogels exhibited modulus of 42.5 ± 1.0 kPa through a strain of 0.94 ± 0.01. Modulus between 5:7.5% and 0:10% w/v did not vary significantly. Collectively, these results show that PEG-DA hydrogels exhibit nonlinear elastic mechanics that can be tuned through polymer mass and molecular weight ratio.
Effect of photoinitiator concentration on hydrogel crosslinking time
PEG-DA hydrogel crosslinking time decreased exponentially with increasing concentrations of Irgacure ( figure 2(c) ). 700 MW PEG-DA hydrogels crosslinked 5-10-fold faster than 8000 MW hydrogels at the same Irgacure concentration, likely because of the increased availability of polymer chains and active end groups. At 0.2% w/v Irgacure, 700 MW hydrogels crosslinked in 98 ± 3 s, but 8000 MW hydrogels crosslinked at 1140 ± 60 s. At 2% w/v Irgacure, 700 MW hydrogels took only 17 ± 1 s to crosslink, and 8000 MW hydrogels took just 78 ± 8 s. These results demonstrate that hydrogel crosslinking time can be tuned with photoinitiator concentration, and they further suggest that balancing photoinitiator concentration for each base material can maintain overall crosslinking kinetics.
Rapid printing of heterogeneous and scaled valve scaffolds
Crosslinking the hydrogel during fabrication enabled the two different hydrogels formulations to fuse and integrate with each other and between printed layers. Printed valve conduits retained biomechanical heterogeneity, where the leaflets extended and bent easily, while the root remained relatively rigid (figures 3(b), (e)). Both anatomic and axially symmetric valve scaffolds were successfully printed at 100%, 50% and 18% of the original model volume. The valve conduits had ID of 22, 17 and 12 mm (figures 3(c), ( f )) and heights of 25, 20 and 14 mm, respectively. Gross anatomical features such as ostia, commissures and sinuses were present at all sizes. The 12 mm ID valve conduits were fabricated in 14 min, the 17 mm in 30 min, and the 22 mm in 45 min. Together, these results support that 3D printing strategy can rapidly generate mechanically heterogeneous, anatomically complex valve conduits.
Shape fidelity
We further characterized their shape fidelity using surface deviation analysis through micro-CT imaging. For the 22, 17 and 12 mm ID image-derived, hydrated valve scaffolds, 93.3 ± 2.6, 85.1 ± 2.0 and 73.3 ± 5.2% of the points laid within the ± 10% diameter threshold, respectively (figures 4(a), (c)). For the axial symmetric hydrated valve scaffolds, 89.1 ± 4.0, 84.1 ± 5.6 and 66.6 ± 5.2% of the points were within ± 10% threshold (figures 4(b), (c)). These results indicate that the 3D printing strategy generates scaffolds with high geometric precision, but accuracy decreased somewhat with reduced size. For the image-derived valve scaffolds, overprint error (points lying beyond +10% threshold) predominated the underprint error (points beyond -10% threshold) (error proportions over:under were 89.0:11.0, 90.0:10.0, and 82.3:17.7%, for 22, 17 and 12 mm ID, respectively) throughout the root and leaflet (figure 4(d) solid bars). Overprint error also predominated over the underprint error in the axially symmetric valve scaffolds (88.2:11.8, 92.7:7.3 and 94.4:5.6%, for 22, 17 and 12 mm ID in over:under ratio, respectively) (figure 4(d) striped bars). Slice-by-slice analysis to assess the internal geometic fidelity indicated that overlapping area percentage decreased as the size of the image-derived valve scaffolds decreased (81.7 ± 1.9 to 61.9 ± 4.3% from 22 to 12 mm ID) ( figure 5(a) ). Total overprint and underprint area percentage between fully hydrated and scaffolds scanned immediately after printing was not significantly different, but the error locations were different. Non-hydrated scaffolds contained overprinted regions on the inner walls, but hydrated valve scaffolds were underprinted on the inner walls and overprinted on the outer walls ( figure 5(b) ). These results suggest that residual error in final shape is caused in part by outward but not inward swelling. 
Alginate removal and cell cytocompatibility of hydrogel scaffolds
The PEG-DA hydrogel structure appears to be modulated by molecular weight and type of additives (alginate and collagen I) (figure 6). The SEM images show that the PEG-DA precursor solution + 10% w/v alginate appears to form small pores, with alginate packing the structure (figures 6(a), (b)). Alginate leached out of hydrogels rinsed in an aqueous buffer (nearly 100% within 24 h according to weight), and this was confirmed with the SEM images where PEG-DA pore size appears to increase for 700 and 8000 MW, respectively (figures 6(c), (d)). We noted that post-polymerization, the alginate hydrogels were opaque and were opaque even after leaching, which suggests that a microscopic amount of alginate may persist. When PEG-DA precursor solutions with alginate were further mixed with neutralized collagen I before crosslinking (0.01% w/v collagen in total solution) and then alginate was leached out, the structures appeared more fibrous (figures 6(e), ( f ))-image analysis of mean pore area for each representative SEM image in figure 6 is as follows: (a) 6.1 ± 1.0 μm 2 , (b) 14.0 ± 2.8 μm 2 , (c) 36.6 ± 7.4 μm 2 , (d) 103.5 ± 14.1 μm 2 , (e) 103.1 ± 21.3 μm 2 and ( f ) 154.8 ± 36 μm 2 . The pore size was non-uniform. Pores in (a), (b) and (c) were significantly different from (d), (e) and ( f ).
PAVIC seeded valve scaffolds contained cells across the entire surface of the conduits, and to a lesser degree within the root and leaflet interstitium (figures 7(a), (b) ). Cells were 91.3 ± 10.7% viable at day 1. At days 7 and 21, cells were 100% viable. For PAVIC cultured on discs, cell morphology was tested on the base hydrogel formulation and with 0.1 or 0.5 mg mL −1 collagen I to the precursor solution (figure 8). The mean circularity of PAVIC on 700 MW PEG-DA base gels decreased significantly over time (0.83 ± 0.03 to 0.74 ± 0.01 between day 1 and 21) ( figure 8(a) ). Meanwhile, PAVIC circularity in 8000 MW PEG-DA hydrogels did not change significantly over time (0.80 ± 0.01, 0.80 ± 0.01 and 0.79 ± 0.02 at days 1, 7 and 21, respectively) ( figure 8(b) ). Circularity after addition of 0.1 or 0.5 mg mL −1 of type I collagen into either PEG-DA hydrogel did not change over time. These results indicated that PAVIC adhere and spread on the PEG-DA hydrogel (with alginate removed) scaffold material, but that the addition of collagen at 0.1 or 0.5 mg mL −1 did not improve cell spreading.
Discussion
Replicating mechanical heterogeneity and geometry of the native tissue has been increasingly considered critical for engineering living de novo aortic heart valves. We developed and implemented a 3D printing strategy combining onboard UV photocrosslinking with mechanically tunable PEG-DA hydrogels to rapidly fabricate anatomically complex, mechanically heterogeneous valve scaffolds at different sizes. These scaffolds can be seeded with valve cells, which populated the surface and reached the interstitium and remained viable to at least 21 days. The relatively rapid printing times (14-45 min), with no requirement for further processing post-fabrication (e.g. joining components), support that 3D printing is an efficient process for engineering anatomically precise soft tissue scaffolds. Matching patient-specific size is integral for proper valve function. An ongoing limitation of current valve prosthetics is that the prosthetics are often too big for pediatric and young patients. The smallest manufactured mechanical valve to date spans 17 mm (St. Jude Medical Mechanical Heart Valve; St. Jude Medical Inc., Minneapolis, MN). Smaller sized mechanical prosthetic valves have higher gradients and are effectively occluded more by the mechanical leaflets that lie in the flow field (Dasi et al 2009) . We were able to print valve conduit scaffolds spanning a range of clinically relevant sizes as small as 12 mm ID, which is approximately the size of a 6 month infant aortic valve, and up to 22 mm ID valve, which is an adult size. We also demonstrated that multiple geometries, a simplified axial symmetric geometry and a medical imaging derived geometry can be printed using this printing technique. The capability to incorporate direct sizing and patient derived geometry into valve scaffolds suggests that 3D printing could potentially alleviate the prosthetic sizing concern. It is important to note that this study focused on valve scaffold fabrication, and determination of function will require in vitro flow studies that are beyond the scope of this work.
Assessing shape fidelity is important for tissue engineering. The common approach of visual inspection, mainly by identifying the presence of key features such as the coronary ostia and the sinuses (Sodian et al 2002) , is helpful as a cursory screening process. However, it cannot pinpoint deviations or tolerances of scaffolds in detail required for scaleup manufacturing or complex patient specific applications. Calipers provide limited information on how to improve shape fidelity (Ballyns et al 2008) , particularly for a complex shape such as a valve where leaflet and root tissue thickness may vary along their lengths. In this study, we used an image-based method to quantitatively assess print accuracy, which was as high as 93% that reduced somewhat as the ID size decreased. This evaluation, which supplemented the visual inspections, provided a more comprehensive demonstration that the printed scaffolds exhibit geometric fidelity.
Our shape fidelity analysis suggested steps that can be taken to improve print accuracy. The same print parameters that yielded high fidelity for 22 mm ID valves produced much more overprint for 12 mm ID valves, suggesting that the print paths were too wide for filling in smaller regions of the 12 mm ID valves without overprinting. Therefore, employing smaller extrusion rate and narrower nozzle diameters (to increase print resolution) would be a scaled approach for optimizing the printing. This adjustment would have to be balanced with an accompanying increase in print time, but the time would still likely remain to be less than 45 min, which was the print time for the 22 mm ID valve. The other step is to adjust for swelling. Compensating for swelling is important because hydrogels have a characteristic equilibrium swelling ratio (Bryant and Anseth 2002, Ma and Elisseeff 2005) . Since our scaffolds expanded outward but not inward, we suspect that surface tension on the inner walls prevented the scaffolds from swelling inward. Hydrogel scaffolds should therefore be printed thinner than the target size so that the expanded final state matches the native model. By analyzing the fidelity of the printing process layer by layer, we were also able to pinpoint anatomical features that were locally over-or underprinted. Therefore, the fidelity of the final printed shape can likely be improved by adjusting the initial print paths for each layer, but the specific changes will be dependent on the relative thicknesses of each polymer component, the curvature of the shape and the kinetics of the extrusion process.
Ultimately, tissue-engineered heart valve scaffolds must be able to support cell adhesion and migration. The 3D printed scaffolds were populated at the surface and with high viability, indicating that the printing method and resulting material were not cytotoxic. Seeded scaffolds and discs were fed and rinsed with media every 48 h, and it is possible that cells unable to attach or dying washed away from the valve scaffolds over time. We expect that cell viability is conservatively maintained at the same levels as day 1. We measured a circularity of 0.7-0.8 for all conditions, which indicates that cells were in an elliptically spread configuration. Contrary to our expectations, the addition of collagen into the PEG-DA hydrogels did not promote further spreading. While our SEM images show a hydrogel structure that appears more fibrous upon the addition of collagen to the precursor solution, this addition did not significantly affect the cell behavior. What is interesting to note is that other studies indicate that PEG-DA is non-adsorptive (Rogers et al 2011) and alginate is non-absorptive due to electrostatic repulsion (Rowley et al 1999) . Additionally, alginate does not have groups that provide any means for mammalian cell attachment (Genes et al 2004) , and PEG-DA alone is also reported to discourage cell attachment (Hutson et al 2011) . We hypothesize that that a small amount of alginate must remain in the PEG-DA network and the combination roughens the scaffold surface to permit cell adhesion, similar to the microphase separation that is seen in multicomponent PEG-DA hydrogels (Zhang et al 2011) .
Controlling the mechanical heterogeneity between the root and leaflet has been a major focus in engineering valve scaffolds for ensuring proper hemodynamics and durability. We believe 3D printing can be advantageous for incorporating heterogeneity since it can establish relative differences between tissue regions using these synthetic materials with ease. The ability to rapidly fabricate scaffolds also provides a platform for studying how cells behave on heterogeneous environments, which is crucial to investigate since the modulus of the scaffold material can direct cell migration (Tayalia et al 2008) , spreading (Kloxin et al 2010) and differentiation (Engler et al 2006 , Kloxin et al 2010 . The modulus numbers in this study fall within the range of values demonstrated by other studies investigating the tunability of PEG-DA hydrogel tensile mechanical properties (Hahn et al 2007 , Hou et al 2010 , Browning et al 2011 . Our results overall suggest that PEG-DA hydrogels can partially recreate the mechanical properties of the aortic valve and pulmonary valve. At physiological tensile strains (0.01-0.20) and low strain rates, the moduli of PEG-DA hydrogels tested here (700 MW: ∼75 kPa; 8000 MW: ∼5 kPa) fall within range of modulus of native leaflet tissue in the radial direction (∼54 kPa (Mavrilas and Missirlis 1991) ). However, they are softer than the aortic valve sinus tissue (∼140-180 kPa (Matthews et al 2010 , Butcher et al 2011 , Azadani et al 2012 ). The mechanical properties of the PEG-DA hydrogels more closely match pulmonary valve sinus tissue (∼50-85 kPa) (Matthews et al 2010) . With the clinical success of the Ross procedure, the pulmonary valve has been identified as a first target for tissue-engineered heart valves (Butcher et al 2011) , and duplicating those mechanics may be initially more relevant to the field. Additionally, it has been shown that cellularized PEG-DA hydrogels with the addition of moieties that allow for remodeling have improved mechanical properties with dynamic culture (Hahn et al 2007) . Therefore, this fabrication strategy for engineering valve conduits could be pursued further with the addition of a variety of moieties to PEG-DA hydrogels and dynamic conditioning.
Conclusions
This study demonstrated that 3D printing and photocrosslinking hydrogels can rapidly fabricate anatomical scaffolds exhibiting mechanical heterogeneity and cytocompatibility. This manufacturing process was demonstrated with PEG-DA, but we believe this method could be adapted for use with other photocrosslinkable polymers. Further work is necessary to complete the translation of this strategy to the clinic. Continued effort must be made to understanding how cells on constructs would remodel the scaffold under simulated hemodynamic conditions. Further investigation of multiple polymer blends to be incorporated into heterogeneous valve conduits would also be required to mimic the complete low-and highmagnitude strain behaviors of native valve tissues. Our findings herein are encouraging steps toward improved valve scaffold designs for both adult and pediatric valve diseases.
